. Purpose: Knowledge of hip biomechanics during locomotion is necessary for designing optimal rehabilitation programs for hip-related conditions. The purpose of this study was to: 1) determine how lower-limb muscle contributions to the hip contact force (HCF) differed between walking and running; and 2) compare both absolute and per-unit-distance (PUD) loads at the hip during walking and running. Methods: Kinematic and ground reaction force data were captured from eight healthy participants during overground walking and running at various steady-state speeds (walking: 1.50 T 0.11 mIs j1 and 1.98 T 0.03 mIs j1 ; running: 2.15 T 0.18 mIs j1 and 3.47 T 0.11 mIs j1 ). A three-dimensional musculoskeletal model was used to calculate the HCF as well as lower-limb muscular contributions to the HCF in each direction (posterior-anterior; inferior-superior; lateral-medial). The impulse of the resultant HCF was calculated as well as the PUD impulse (BWIsIm j1 ) and PUD force (BWIm j1 ). Results: For both walking and running, HCF magnitude was greater during stance than swing and was largest in the inferior-superior direction and smallest in the posterior-anterior direction. Gluteus medius, iliopsoas, and gluteus maximus generated the largest contributions to the HCF during stance, whereas iliopsoas and hamstrings generated the largest contributions during swing. When comparing all locomotion conditions, the impulse of the resultant HCF was smallest for running at 2.15 mIs j1 with an average magnitude of 2.14 T 0.31 BWIs, whereas the PUD impulse and force were smallest for running at 3.47 mIs j1 with average magnitudes of 0.95 T 0.18 BWIsIm j1 and 1.25 T 0.24 BWIm j1 , respectively. Conclusions: Hip PUD loads were lower for running at 3.47 mIs j1 compared with all other locomotion conditions because of a greater distance travelled per stride (PUD impulse) or a shorter stride duration combined with a greater distance travelled per stride (PUD force).
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The hip contact force (HCF) during walking and slow running has been recorded in vivo using telemetered joint implants (4) (5) (6) (7) . Unfortunately, these data are restricted to a small number of older people who have undergone surgical joint replacement procedures. This approach is not practicable for obtaining data on young healthy adults. Computer-based musculoskeletal modeling offers an alternative noninvasive approach for calculating the HCF, which has been demonstrated to be capable of yielding reasonable estimates, at least for walking (8) (9) (10) . Even though studies have used musculoskeletal models to predict the HCF for various speeds of walking and running in healthy adult participants (11) (12) (13) (14) (15) (16) , analyses to date have been relatively limited. Most studies have only considered the resultant HCF (11, 13, 14, 16) or have only investigated one mode of locomotion (11, 12, 14, 15) . Further research is therefore required to provide a more complete analysis of the HCF during walking and running at a range of speeds.
Muscles are the main contributors to the mechanical loading of joints (17) . Despite their influential role, very little is known about the way in which muscles contribute to the HCF during locomotion. To our knowledge, only two studies have systematically investigated muscle contributions to the HCF (18, 19) . Correa et al. (18) 
, and analyses were based on outputs from a previously published dynamic optimization solution (20) , whereas the analyses of Pandy and Andriacchi (19) were based on experimental data collected from five healthy adults for walking at 1.4 mIs j1 and running at 3.4 mIs j1 . Both studies found hip-spanning muscles such as the gluteus maximus (GMAX), gluteus medius (GMED), iliopsoas (ILPSO), and hamstrings (HAMS) to be the dominant contributors. Further research is required to more comprehensively understand how individual muscle contributions to the HCF are influenced by a change in both the mode and speed of locomotion.
Given that walking and running are popular forms of exercise in healthy adults, it is also important to consider how hip joint loading varies across these two locomotion modes. It is possible that the load accumulated at the hip for a given distance travelled may be less for running compared to walking. Even though the peak resultant HCF has been shown to be approximately 30% higher for running at 12 kmIh j1 (3.3 mIs j1 ) compared with running and walking at 6 kmIh j1 (1.7 mIs j1 ) (13), the accumulated load could be lower for running at 3.3 mIs j1 because of a shorter stride duration and a smaller number of strides required to travel a given distance. Per-unitdistance (PUD) loads at the knee for walking and running have been investigated previously (21) ; however, to our knowledge, no previous studies have investigated PUD loads at the hip across a range of common locomotion conditions.
The aim of the current study was twofold: first, to determine how a change in mode and speed of locomotion influences the contributions of individual lower-limb muscles to the HCF; and second, to compare both absolute and PUD loads at the hip joint during walking and running at a range of speeds. We hypothesised that: (i) the ipsilateral hip muscles (specifically, GMED, GMAX, ILPSO, and HAMS) would be the dominant contributors to the HCF independent of locomotion mode and speed; and (ii) PUD loads at the hip would be less for running compared to walking.
METHODS
Experimental gait data. Eight participants (four males and four females; age, 28.1 T 8.4 yr; height, 1.75 T 0.06 m; and body mass, 71.3 T 7.0 kg) gave informed consent to participate in the study. All participants were experienced runners free of any recent or pre-existing musculoskeletal injury that was likely to affect their ability to walk and run. Ethical approval for the study was obtained from the relevant institutional human research ethics committee (University of Melbourne ref number: 0830526).
Participants were asked to walk and run over ground at a range of designated steady-state speeds (walking, 1.5 and 2.0 mIs j1 ; running, 2.0 and 3.5 mIs ). Locomotion speed for each trial was monitored using timing gates (Speedlight Telemetry Timing; Swift Performance Equipment, Walcol, Australia) positioned 20 m at each end of the calibrated measurement volume. Participants were provided with verbal feedback after each trial to achieve the prescribed locomotion speeds. For each locomotion condition, participants performed repeated trials until a single trial was obtained whereby the locomotion speed was within 10% of the desired speed. Adequate rest was given between locomotion conditions to prevent fatigue. Participants used their preferred foot strike pattern and self-selected their stride frequency and stride length.
Three-dimensional kinematic data were collected using a 22-camera, video-based, motion analysis system (VICON Motion Systems Ltd., UK) sampling at a rate of 250 Hz. Small reflective markers (14 mm in diameter) were placed at specific locations on the upper and lower limbs as described previously by Dorn et al. (22) . Ground reaction force data were collected from eight force plates (Kistler Instrument Corp., Amherst, NY) embedded in the laboratory floor and sampling at a frequency of 1500 Hz. Ground reaction force data were filtered using a fourth-order, low-pass, Butterworth filter with a cut-off frequency of 40 Hz.
Musculoskeletal model. We used a three-dimensional musculoskeletal model to calculate joint kinematics, joint kinetics and muscle forces based on the experimental data. The skeleton was represented as a generic 10-segment, 23-degreeof-freedom (DOF) mechanical linkage, the full details of which have been previously described by Anderson and Pandy (20, 23) . The pelvis was modeled as a single rigid body with six DOF; the hip was modeled as a three DOF ball-andsocket joint, and the knee as a single DOF hinge joint. Two segments were used to model each foot: a hindfoot segment and a toes segment. The lower leg was connected to the hindfoot (i.e., the ankle-subtalar complex) using a two DOF universal joint that comprised of two nonintersecting hinge joints. The toes articulated with the hindfoot via a single DOF hinge joint. The upper body (head, arms and torso) was represented as a single segment that articulated with the pelvis via a ball-andsocket back joint. The lower limbs and trunk were actuated by 54 muscle-tendon units. Each lower-limb was actuated by 24 muscle-tendon units, whereas six abdominal and back muscletendon units actuated relative movements of the pelvis and upper body. Each muscle-tendon unit was modeled as a Hilltype muscle with passive and active muscle fascicles connected in series with a compliant tendon (24) . The force generating properties and attachment sites of the muscle-tendon units were based on data from Anderson and Pandy (23) .
The generic musculoskeletal model was scaled to each participant_s anthropometric measurements. A static standing calibration trial with all markers in situ was captured for each participant prior to the commencement of the walking and running trials. This static trial was used to determine a scaling factor for each body segment by calculating the relative distance between a pair of markers measured on the segment and the corresponding virtual pair located in the model. An inverse kinematics analysis was used to calculate a set of joint angles for each time instant, whereby the sum of the squares of the differences between the experimentally recorded markers and the corresponding virtual markers defined in the model was minimised (25) . A fourth-order, low-pass, Butterworth filter with a cutoff frequency of 7 Hz was used to smooth the joint angles before further processing. Net joint torques generated about the back, hip, knee and ankle joints were computed using a standard inverse dynamics approach. The joint torques were then decomposed into individual muscle forces using a static optimization algorithm that minimized the sum of all muscle activations squared subject to each muscle_s forcelength-velocity properties (26) . A nonlinear performance criterion was selected because it has the potential to allow more synergistic and antagonistic muscle activity compared to linear criteria (27) . Furthermore, it has been shown to produce muscle forces with time histories similar to experimentally recorded electromyographic signals during locomotion conditions consistent with those considered in the present study (22, 26, 28) . A pseudoinverse force decomposition method (29) was used to compute the contributions of all lower-limb muscle forces to the vertical, fore-aft, and mediolateral ground reaction forces. An individual muscle force and its ground reaction force contribution were applied to the model to determine both the resultant HCF as well as each muscle_s contribution to the three components of the HCF (18) . All force data were normalized to each participant_s body weight (BW). Our convention defined the HCF as the force directly applied to the hip joint (femoral head) by the pelvis. It was expressed in the femoral reference frame whereby positive represented a force directed in the inferior, posterior and lateral directions ( Fig. 1) .
Data analysis. Data were analyzed for a single ''test'' leg for each participant (right leg for 4 participants; left leg for four participants). For each participant, a single stride cycle (ipsilateral initial foot contact to the next ipsilateral initial foot contact) for the designated ''test'' leg for each locomotion condition was extracted for analysis. Stride time was measured as the duration in time from ipsilateral initial foot contact to the next ipsilateral initial foot contact for the stride cycle of interest. Locomotion speed was then calculated by determining the horizontal distance that the pelvis segment travelled during the stride cycle of interest, and dividing this distance by the measured stride time.
All three components of the HCF were time normalized (0%-100% of the stride cycle) and averaged across participants to generate group mean curves. Similarly, muscle contributions to each component of the HCF were time normalized (0%-100% of the stride cycle) and averaged across participants to generate group mean curves (see Figures (Supplemental Digital Content 4, http://links.lww.com/MSS/ B317)). For each component of the HCF as well as the resultant force, data were integrated over the duration of the stride cycle to calculate the impulse (BWIs). Similarly, the contributions of individual lower-limb muscles to each component of the HCF were integrated over time to calculate the magnitude of their impulse (BWIs), but in this instance, the impulse was calculated for the stance and swing phases separately given the anticipated differences in hip muscle activations between these phases. The contributions of individual lower-limb muscles to each component of the HCF were analyzed descriptively.
For each locomotion condition, the impulse of the resultant HCF was divided by the horizontal distance that the pelvis segment travelled for the stride cycle of interest to calculate the PUD impulse expressed in body weight-seconds per meter. The PUD impulse was then divided by the measured stride time to calculate the PUD force expressed in bodyweight per meter as per Miller et al. (21) . The PUD impulse allows locomotion conditions to be compared where distance has been normalized, but these data are still influenced by differences in stride time among the locomotion conditions. The PUD force allows locomotion conditions to be compared where both distance and time have been normalized; thus, these data essentially represent the average HCF per stride taking into account the distance travelled per stride, which is usually longer for running than walking (21) .
One way repeat-measures ANOVA tests were used to determine whether locomotion condition significantly influenced the following parameters for the resultant HCF: (a) impulse; (b) PUD impulse; and (c) PUD force. Effect size was estimated using partial G 2 , where 90.25 was considered a large effect. If a significant main effect for locomotion condition was found (P G 0.05), post hoc pairwise comparisons were used to determine differences between the various locomotion conditions. The level of significance for the post hoc comparisons was adjusted to P G 0.008.
RESULTS
The average speeds for the two walking conditions were 1.50 T 0.11 mIs j1 and 1.98 T 0.03 mIs j1 , whereas the average speeds for the two running conditions were 2.15 T 0.18 mIs j1 and 3.47 T 0.11 mIs j1 . When expressed in the femoral reference frame, the contact force on the femoral head was primarily directed inferiorly, laterally and posteriorly throughout the stride cycle (Fig. 1) . Irrespective of locomotion condition, the magnitude of the HCF was greater during stance than swing, and it was largest in the inferior-superior direction and smallest in the posterior-anterior direction.
The profile of the HCF during stance for walking was characterized by a biphasic pattern, with both peaks having a similar magnitude (Fig. 2) . There was little change in the magnitude of the HCF with faster walking. The average magnitude (and timing as a percentage of stride cycle) of the first peak in the resultant HCF profile was 5.53 T 1.18 BW (16.48% T 2.84%) and 5.65 T 1.42 BW (13.31% T 3.41%) for walking at 1.50 and 1.98 mIs j1 , respectively, whereas the average magnitude (and timing as a percentage of stride cycle) of the second peak in the resultant HCF profile was 5.23 T 0.86 BW (46.89% T 2.55%) and 5.51 T 1.34 BW (48.14% T 1.86%) for walking at 1.50 and 1.98 mIs j1 , respectively. The profile of the HCF during stance for running increased immediately following foot-strike, remained elevated throughout stance, and then declined prior to toe-off (Fig. 2) . The magnitude of the HCF increased with faster running. The average magnitude (and timing as a percentage of stride cycle) of the peak in the resultant HCF profile that occurred around mid-stance was 9.53 T 1.90 BW (15.61% T 2.24%) for running at 2.15 mIs j1 and 11.03 T 3.53 BW (12.32% T 3.10%) for running at 3.47 mIs j1 .
The net impulse of the HCF over the stride cycle was influenced by a change in locomotion speed and mode (Fig. 3) . Average values ranged from 1.90 T 0. , the average net impulse of the HCF decreased by 15.2% in the inferior-superior direction, with minimal change evident in the lateral-medial and posterior-anterior directions; it then increased by 11.1%, 30.9%, and 43.4% in the inferior-superior, lateral-medial, and posterior-anterior directions, respectively, with faster running.
The largest contributions to the HCF during the stance phase of both walking and running were generated by GMED, ILPSO, and GMAX (Table 1) . During walking, GMED contributed to the first peak of the HCF in all three directions and to the second peak of the HCF in the inferior-superior and lateralmedial directions (see and running at 3.47 T 0.11 mIs j1 (Supplemental Digital Content 4, http://links.lww.com/MSS/B317)). HAMS contributed to the HCF in the inferior-superior direction during terminal swing for both walking and running. The magnitude of the impulse delivered by the ipsilateral hip muscles to the HCF during swing increased with each incremental locomotion condition (Table 2) .
A significant main effect for locomotion condition was found for the impulse of the resultant HCF (P G 0.001; Partial G 2 = 0.640), the PUD impulse (P G 0.001; Partial G 2 = 0.944) and the PUD force (P G 0.001; Partial G 2 = 0.787) (Fig. 4) . The impulse of the resultant HCF ( Fig. 4; left panel) for walking at 1.50 mIs j1 was significantly greater than that for walking at 1.98 mIs j1 (2.79 T 0.32 BWIs vs 2.45 T 0.36 BWIs; P = 0.001) and running at 2.15 mIs j1 (2.79 T 0.32 BWIs vs 2.14 T 0.31 BWIs; P G 0.001). Also, the impulse of the resultant HCF for running at 2.15 mIs j1 was significantly less than that for running at 3.47 mIs j1 (2.14 T 0.31 BWIs vs 2.51 T 0.51 BWIs; P = 0.003). The PUD impulse ( Fig. 4; ; P = 0.275). The PUD force ( Fig. 4 ; right panel) for walking at 1.50 mIs j1 was significantly greater than ; P G 0.001).
DISCUSSION
This study used a musculoskeletal modeling approach to determine the HCF during walking at average steady-state speeds of 1.50 T 0.11 mIs j1 and 1.98 T 0.03 mIs j1 as well as running at average steady-state speeds of 2.15 T 0.18 mIs j1 and 3.47 T 0.11 mIs j1 . Our overall goal was to understand how these locomotion conditions affected the contributions of individual lower-limb muscles to the HCF as well as the PUD loads experienced by the hip joint. We found that: 1) the major hipspanning muscles (GMED, ILPSO, and GMAX) provided the largest contributions to the HCF during walking and running; 2) a change in locomotion mode affected the contribution from ILPSO most of all, with the magnitude of the impulse generated by ILPSO decreasing by more than 50% when switching from walking at 1.98 mIs j1 to running at 2.15 mIs j1 ; and 3) both PUD impulse and PUD force were lower for running at 3.47 mIs j1 compared to all other locomotion conditions. Previous studies have recorded the HCF during locomotion in vivo using telemetered joint implants (4-7). Overall, when comparing the calculated HCF from the present study with published in vivo data, curve profiles share a similar shape/ timing, but our peak magnitudes are generally higher, especially for running. Our peak magnitudes for the resultant HCF averaged 5.7 BW for walking at 1.50 mIs j1 and 9.5 BW for running at 2.15 mIs j1 . In comparison, Rydell (7) recorded in vivo data from a 56-yr-old female patient 26 wk after surgery and reported peak resultant HCF magnitudes of 3.3 BW for walking at 1.4 mIs j1 and 4.3 BW for running at 2.5 mIs
j1
. Kotzar et al. (6) recorded in vivo data from a 72-yr-old male patient 8 wk after surgery and reported peak resultant HCF magnitudes ranging from 3.2 to 3.9 BW for walking at 1.8 mIs (4) recorded in vivo data from three male patients (between 51 and 61 yr of age) at time points ranging from 11 to 14 months after surgery and reported an average peak resultant HCF magnitude of 2.5 BW for walking at 1.5 mIs j1 . Based on these results, we acknowledge that our model-based predictions are likely to overestimate the true magnitude of the HCF to some extent. However, when comparing results from the present study with published in vivo data numerous factors must be kept in mind. First, in vivo data have been recorded from an artificial hip joint and it is unknown how well such data resemble the contact mechanics of a normal joint (17) . Second, in vivo data have only been obtained from older participants (Q51 yr of age), some of whom had coexisting morbidities. Third, in many instances in vivo data have been recorded from participants less than 12 months after major surgery. Thus, muscle activation patterns and the mechanics of moment production by the muscles are likely to be altered (17) . Fourth, in vivo data display some variability in profile and magnitude, including within-participant stride-tostride variability (7, 8) as well as between-participant variability (4). Finally, to our knowledge, in vivo data for running at speeds beyond 2.5 mIs j1 have not been published. For these reasons, we believe that differences between our model-based predictions and published in vivo data are to be expected and do not invalidate the main conclusions from this study.
The way in which muscles contribute to knee joint loading during locomotion has been well investigated (19, (30) (31) (32) ; however, the same cannot be said for the hip joint. Correa et al. (18) calculated the HCF for walking at 1.35 mIs j1 and found GMED contributed most to the HCF in the inferior-superior and lateral-medial directions, while ILPSO contributed most in the posterior-anterior direction. This result is consistent with our data for walking at 1.50 mIs j1 (Table 1 , http://links.lww.com/MSS/B317). However, they found the contribution from rectus femoris during stance to be greater than that from ILPSO, whereas the opposite was the case in the present study. The most notable effect when switching from walking at 1.98 mIs j1 to running at 2.15 mIs j1 was a decrease of approximately 55% in the stance phase contribution from ILPSO to the HCF in the posterior-anterior and inferiorsuperior directions (Table 1 . It therefore seems that switching from walking to running reduces the mechanical load on the major hip flexors during stance, which could be an initiating factor for the transition in locomotion mode (2) .
Evidence is available indicating that the impulse of a given load may exhibit a stronger relationship with pathology than purely instantaneous parameters such as the peak magnitude (33, 34) . The advantage of impulse is that it takes into account both the time-varying magnitude and the duration of application of the load. Studies have also calculated the product of the impulse and the number of loading cycles completed per day to obtain an estimate for the total (or cumulative) daily exposure to joint load (35, 36) . For example, Tateuchi et al. (36) recorded baseline gait analysis data from 50 female patients with secondary hip osteoarthritis (OA) walking at a self-selected speed. They found a higher cumulative hip joint load in the frontal plane (specifically, the impulse of the hip abductor moment multiplied by the average number of steps per day as recorded by a pedometer) to be a significant independent predictor of radiographic progression of hip OA over a 12 month period. No association was found for the peak magnitude of the hip abductor moment. We therefore believe that our decision to use the impulse as the primary metric for quantifying biomechanical load in the present study was well justified from a clinical perspective.
Is running more likely to initiate joint articular cartilage disease than walking? This question has recently been explored in a study by Miller et al. (21) focusing on the knee joint. They found the knee PUD force to be similar for walking at 1.45 mIs j1 (0.75 T 0.08 BWIm j1 ) and running at 3.17 mIs j1 (0.80 T 0.14 BWIm j1 ). It was proposed that this result offered a biomechanical explanation for why most runners do not develop knee OA (21, 37) . Interestingly, current evidence would suggest that recreational running is not a risk factor for developing hip OA either (38, 39) , and it may even provide a protective effect relative to a more sedentary lifestyle (38) . Despite being higher than equivalent loads for the knee, we found the hip PUD force for running at 2. 15 (21, 37) that PUD loads may be relevant in understanding why runners without comorbidities that place them at risk of bone and joint pathology do not appear to have an elevated risk of developing OA. Even though the peak magnitude of the HCF is greater for running compared to walking (Fig. 2) , in healthy populations recreational running on its own might not be more harmful for the hip than walking. We do appreciate that this situation may only apply for a certain amount of running. Because accumulated loads likely do not have a linear effect on tissue damage, there will probably be a point with extreme running volumes where, regardless of PUD loads, the load accumulation exceeds the threshold for tissue tolerance.
This study was associated with some limitations that warrant discussion. First, we used a musculoskeletal modeling approach to predict the HCF during walking and running. This approach is inherently reliant on various input parameters and assumptions that have been previously outlined (20) . Nevertheless, our HCF predictions were mostly consistent in magnitude with equivalent data from previous model-based studies despite differences in modeling methods. For example, previous studies have reported a peak HCF of approximately 5 BW for walking at 1.5 mIs j1 (11, 13, 14) , which approximates our prediction of 5.68 T 1.06 BW for walking at this speed. We predicted a peak magnitude for the resultant HCF of 12. ). As previously discussed, our predicted HCF data are greater in magnitude when compared with published in vivo data, especially for running. Although we respect these discrepancies, we note that our main findings were based on within-subject comparisons, and thus will be relatively insensitive to any potential inaccuracies in our modeling approach. Furthermore, we used a static optimization algorithm in the present study based on the findings of Wesseling et al. (40) , who compared a range of muscle optimization techniques for calculating the HCF and found static optimization to yield predictions that best matched in vivo experimental data from Bergmann et al. (4) . Second, we acknowledge that the present study only involved a relatively discrete sample (N = 8) of healthy adult participants. However, our main outcome measures (the impulse of the resultant HCF, the PUD impulse, and the PUD force) were all found to be significantly influenced by locomotion speed with an effect size of at least 0.64. We therefore believe that our study was sufficiently powered, and a larger sample would not have altered the conclusions. Third, we predicted the HCF for walking and running, which are linear tasks where hip joint motion is primarily restricted to the sagittal plane. However, the hip is a ball-and-socket joint, and thus it has the capacity to rotate appreciably in all three anatomical planes. More complex multidirectional tasks (e.g. pivoting/ cutting) may have greater potential for generating adverse joint loading conditions. Further research is required to compare the HCF across a complete spectrum of common functional activities. Fourth, sex-specific differences in hip joint biomechanics during locomotion have previously been documented (41) . We therefore acknowledge the potential for the HCF to display sex-specific differences. Although the cohort used in the present study involved an equal distribution of male and female participants, the small sample size precluded us from investigating sex-specific effects.
A final methodological issue that warrants some discussion relates to the approach used to filter the experimental data. In the present study, we used a fourth-order, low-pass Butterworth filter with a cutoff frequency of 7 Hz to smooth the joint angles calculated from the inverse kinematics analysis, whereas we used the same filter with a cutoff frequency of 40 Hz to smooth the recorded ground reaction force data. This particular filtering approach was chosen primarily on the basis that it allowed our computational modeling process to operate most efficiently and effectively. We acknowledge that a mismatch in cutoff frequencies has the potential to create filtering-induced artifacts in our predicted HCF data during the initial stance period, especially for the high-impact locomotion condition of running at 3.47 mIs j1 (42) . To overcome this issue, we focussed on the impulse of http://www.acsm-msse.org the HCF as a key outcome measure, the magnitude of which we expect to remain relatively invariant to alternative filtering approaches. Furthermore, we note that for some participants when running at 3.47 mIs j1 the magnitude of the ''impact'' spike in the resultant HCF exceeded (by a small amount) the peak that occurred around mid-stance; however, for both running conditions we specifically ignored the magnitude of any ''impact'' spike and only calculated and reported the magnitude of the peak in the resultant HCF that occurred around mid-stance. For these reasons, we are confident that any potential filtering-induced artifacts in our data did not in any way influence the main outcomes from our study.
In conclusion, we performed a comprehensive analysis of the HCF during walking and submaximal running in a cohort of healthy adult participants. Although the peak magnitude of the resultant HCF increased substantially with a change in locomotion mode from walking at 1.98 mIs j1 to running at 2.15 mIs j1 , the impulse of the resultant HCF decreased. The GMAX, GMED, and ILPSO muscles were found to be the main contributors to the HCF during walking and running.
Interestingly, it was ILPSO that was most affected by a change in locomotion mode, with its HCF contribution decreasing by approximately 50% when switching from walking to running. Finally, PUD loads at the hip were less for running at 3.47 mIs j1 compared with walking at either speed. The lower PUD impulse was due to the greater distance traveled per stride, whereas the lower PUD force was due to the shorter stride duration in addition to the greater distance traveled per stride. Such findings may explain (at least in part) why recreational running does not appear to be associated with an elevated risk of developing hip OA in healthy people.
